Over the past two decades, a variety of micropumps have been explored for various applications in microfluidics such as control of pico-and nanoliter flows for drug delivery as well as chemical mixing and analysis. We present the fabrication and preliminary experimental studies of flow performance on the micro impedance pump, a previously unexplored method of pumping fluid on the microscale. The micro impedance pump was constructed of a simple thin-walled tube coupled at either end to glass capillary tubing and actuated electromagnetically. Through the cumulative effects of wave propagation and reflection originating from an excitation located asymmetrically along the length of the elastic tube, a pressure head can be established to drive flow. Flow rates were observed to be reversible and highly dependent on the profile of the excitation. , respectively.
Introduction
Recent interest in microfluidics and microfluidic devices has been predominately driven by the need for biomedical devices on the microscale as well as applications involving chemical control, mixing and analysis, which stem from the push toward lab-on-chip (LOC) methodologies. Micropumping is a necessary component of large integrated systems for sample control and mixing. A micropump requires a compact method of actuation and a mechanism to produce the flow.
Commonly micropumps are driven by piezoelectric, electrostatic, electromagnetic, electrohydrodynamic or pneumatic actuators. Mechanisms of pumping vary greatly but can generally be grouped into two categories: displacement pumps and dynamic pumps [1] . These mechanisms can further be categorized in a variety of ways; one of which is the presence of valves. Conventional valves in microfluidics systems are subject to mechanical failure and, in the case of biological fluids, present further risk of malfunction due to clogging or to damage sensitive biomolecules. Current valveless pumping techniques mainly consist of peristaltic [2] [3] [4] [5] and reciprocating diaphragm pumps relying on diffusers [6] [7] [8] [9] [10] . These systems are often fabricated on a substrate through the use of soft lithography on polymeric materials because they are flexible and allow the form and features of these devices to be created and remain functionally sound. Substrate-based systems, however, occupy much more volume than is actually required by the device.
Here, we present a new valveless and substrate-free impedance-based technique for pumping fluid on the microscale. It should be noted that the phenomena resulting in impedance-defined flows has been known for quite some time [11] [12] [13] [14] [15] . However, this study is the first of its kind to demonstrate the feasibility of pumping with these phenomena on the microscale, under two different flow circuit configurations, and on two different size scales, as well as report quantitative measurements of the flow performance.
Principle of operation
An impedance pump is comprised of a compressible section, usually a tube, coupled at both ends to end members of different impedances. Since impedance-based pumping is dependent on wave reflection, any material allowing for wave propagation is suitable for the compressible section; in experiments, this section is commonly made of a silicone or latex tube. Coupling this flexible tubing at either end to another material or materials of different mechanical properties, geometries or any other factor affecting wave propagation and/or reflection, creates an impedance mismatch, and therefore a site for wave reflection. In figure 1 , which depicts a schematic of the pump, these impedances are represented by Z 0 , Z 1 and Z 2 . The most fundamental principle of its operation is that the excitation occurs asymmetrically with respect to the impedance of the fluid system. Periodic pinching at an asymmetric location at a certain frequency, waveform and duty cycle results in the accumulation of a pressure gradient from wave interference and therefore the potential to drive flow.
In our experiments, this system takes the form of a thinwalled elastic tube coupled at either end to two symmetric segments composed of a less compliant material, glass and filled with water. Since the glass segments are of equal impedance, the asymmetry must be caused by the location of the excitation along the length of the elastic tube. The difference in length over which the waves travel before reflecting imposes a phase difference in the travelling waves returning to the excitation site. Neglecting attenuation and the effects of viscosity for simplicity, one could imagine conditions where at a certain frequency or band of frequencies the interference of reflecting waves travelling in both directions can form pressure gradients and induce flow. Through the complete collapse of the elastic section the system can also function as a valve.
Experimental set-up
For the remainder of this paper, the following distinction will be made. Open loop will be defined as flow between two independent reservoirs on both sides of the pump, with no fluidic interconnections. Closed loop will be defined as flow within a distinct loop. Previously, the behavior of the impedance pump has been studied in both of these configurations at larger size scales [16] . In this study, the impedance pump was tested under three configurations spanning two different size scales: closed loop, open loop and micro open loop. For these configurations, two different electromagnetic actuation schemes were devised referred to as perpendicular and in-line, specifying their orientation with respect to the axis of the fluid channel. Table 1 summarizes the configurations and their respective electromagnetic actuator types. In all cases, the glass sections attached to the micro pump are symmetric, and therefore equal in impedance. As a result of this symmetry, excitation at the midline of the elastic tube produces no net flow.
The thin-walled elastic tubes used for the pump in the open loop and closed loop experiments were made of silicone with a Young's modulus of 0.4 MPa (at 100% elongation), an inner diameter (ID) of 2 mm and a wall thickness of 50 µm. The tubing used in the micro open loop study was made of polyurethane with a Young's modulus of 2 MPa (at 100% elongation), an inner diameter of 250 µm and a wall thickness of 50 µm. Unless otherwise mentioned, the elastic tubing was connected to glass tubing with an inner diameter of 0.8 mm and a 0.6 mm wall thickness. All impedance pumps constructed using the tubing mentioned in the previous sentence were sealed on either end to the glass tube using heat shrink. A diagram of the assembly procedure can be seen in figure 2.
Micro impedance pump actuation
Although any technique could have been employed, electromagnetic actuation was chosen because of its large displacement, high-frequency capabilities. Two different electromagnetic actuation schemes were examined, one for experimental purposes and the other for device-oriented studies, as shown in figures 3 and 4, respectively. Actuation was achieved by fixing a neodymium iron boron (NdFeB) rare earth magnet cube with a side length of 2.4 mm using silicone glue to the upper surface of the tube at an asymmetrical location along the elastic tube length. This magnet was oriented such that when the coil was energized their magnetic field gradients produce a radial force compressing the tube. In the first configuration, the magnetic field of the magnet was oriented such that when the coil was energized its poles are parallel to those of the permanent magnet. A schematic illustrating the A thin-walled elastic tube is coupled at both ends to glass capillary tubing.
An inductive coil is centered under the magnet.
Silicone sealant is applied to fix a NdFeB magnet to the elastic section.
Heat shrink is used to seal the elastic tube onto the capillary tubes. inductor-driven electromagnetic actuator in a perpendicular configuration can be seen in figure 3 . The second actuation scheme takes advantage of the fact that fluid passages in biological systems as well as medical devices are generally cylindrically symmetric in shape. To conserve space as well as complement the symmetry of the tube, a novel inline coil-magnet configuration was created comprised of two coils wound azimuthally symmetric with respect to the elastic tube and connected such that when energized they are in-phase. A compressive radial force can therefore be generated by locating a permanent magnet element equidistant from both coils with its magnetic pole oriented such that it is parallel to the length of the tube. A diagram of the inline coil-magnet configuration can be seen in figure 4.
Closed loop flow
The closed loop test section was formed by coupling a thinwalled elastic tube to one end of the two symmetric sections of the glass flow loop. The fluidic loop was completed by connecting the opposite ends to a latex tube with a significantly thicker wall, making it much more rigid than the elastic tube of the pump but soft enough to be crimped thereby increasing the fluid resistance in the loop. Crimping this thicker elastic tube completely closes one section off from the other and creates an open loop situation in which a pressure differential can be measured between the water levels on either side of the pump. Each section also has a piece of glass tubing connected perpendicular to the plane of the flow loop on the opposite end of the pumping site. The inner diameter along a majority of the length of the glass flow loop is 3.2 mm. On one end, the tubing of the loop tapers to accommodate a 2 mm side-length square section, where the flow rates can be measured. The square section is then connected to a smaller diameter glass tube (0.8 mm ID, 0.6 mm wall) that connects the loop to the elastic tube. Figure 5 shows a picture of the closed loop flow circuit. In this configuration, energizing an inductive coil positioned under the magnet allows the tube to be compressed forming the pump. A schematic of the actuator can be seen in figure 3 .
Measurements of the bulk flow velocity were taken using a Viosense mini laser Doppler velocimetry (LDV) system through the length of square tubing on the flow loop. The fluid was seeded with 3 µm neutrally buoyant polystyrene microspheres. The best results were achieved with particles equal to or less than the fringe spacing (∼11 µm) of the LDV. Important parameters for reliable measurements and to prevent the particles from adhering to the glass flow loop were the particle size, material and buoyancy.
Open loop flow
In a device-driven study similar to the environment under which a medically implantable device may operate, the inflow to the device may not contain returning fluid inertia. Open loop flow was therefore demonstrated by connecting the silicone tubing to a short length of the glass tubing (0.8 mm ID, 0.6 mm wall) through the procedure described in figure 2 and placing either end into two independent water reservoirs of a known volume, dispensed through a micropipette. Flow rates were determined by measuring the time required for the pump to consume the entire droplet. To prevent capillary action from drawing the fluid along the bottom of the tube, the ends of the glass tubing were placed on two glass slides disconnected from the pump as well as each other. In addition, polytetrafluoroethylene (PTFE) rectangles were stuck to the slides using double-sided tape. The hydrophobicity of PTFE facilitates the visualization of the droplets. An image of such an assembly can be seen in figure 6 .
Micro open loop
The micro open loop flow experiment was constructed by pressing a short length of glass capillary tubing into either end of the elastic section. In this case, heat shrink was not required to seal the coupled tubes, as described by the procedure above. Similar to the larger open loop study Teflon-coated slides were used to visualize the flow of droplets of known volume from one side of the pump to the other. The excitation in this case was provided by cantilever style actuator based on the in-line electromagnetic scheme. A picture of the micro open loop test assembly can be seen in figure 7 . 
Results

Closed loop
The closed loop flow response of the impedance pump was observed to be reversible as well as highly dependent on frequency. The performance of the pump was found to be very sensitive to the waveform, offset, amplitude and duty cycle of the excitation. A typical frequency response can be seen in figure 8 . The data points in the plot in figure 8 represent an average of 100 samples taken at the midline of the flow. Clockwise flow, into the right-hand side of the elastic tube, was taken as positive. The magnet was located at 4.2 mm from the right-hand side of the 19.6 mm long elastic tube. The input to the coil was a square waveform, 48 mA in amplitude, with a 16 mA offset and a 50% duty cycle. Consistently, there was at least one flow reversal as the frequency was increased. Figure 8 shows three such reversals. These can be seen to occur at roughly 21 Hz, 89 Hz and 142 Hz. Although similar net flow rates were observed at both high and low frequencies, at low frequencies the flow was highly oscillatory. As the frequency of excitation was increased, bulk flow oscillations tend to damp out resulting in unidirectional flow. Flow rates of up to 16 ml min −1 have been achieved. For the curve shown in figure 8 , the maximum flow rate was 11 ml min −1 at 55 Hz corresponding to a Reynolds number (Re) of 730.
Open loop
In the open loop configuration, the magnet was located 11.9 mm from the right-hand side of the 19.1 mm long elastic tube. The input to the coils was a 60.7 Hz, a square wave 200 mA in amplitude with no offset. Flow rates exceeding 191 µl min −1 were achieved pumping a 100 µl droplet to the opposite end of the pump, corresponding to a Re of 5. Relatively, high flow was achieved despite the fact that, in this set-up, the magnet does not in any form compress the tube against a fixed opposing surface.
Open loop micro
Since viscosity tends to dominate on the microscale, a study was done to determine whether impedance defined flows still function at very low Re. Tests were performed in the open loop configuration described above using a polyurethane (PU) tube with a 250 µm inner diameter and a 50 µm wall thickness coupled to a borosilicate glass capillary tube with a 150 µm inner diameter and a 50 µm wall thickness. PU was chosen due to its large tensile strength when compared to most elastomers enabling smaller inner diameters and wall thicknesses than would otherwise be possible. Using an 82.0 Hz excitation and water as the fluid, flow rates were measured to be approximately 17 µl min −1 or a Re ∼ 2. The pressure gradient created by the pump was large enough to expel droplets out of one end of the test assembly. In this configuration, flow has been shown to be highly frequency dependent and reversible.
Discussion
High-frequency excitation revealed the presence of multiple regimes of flow. The upper limit of this excitation was only limited by the attenuation of the magnetic field gradients produced by the coil at high frequency, consequently changing the excitation profile. Flow in all cases was observed to be highly dependent on frequency, waveform, duty cycle and amplitude of the input excitation. The reliance of impedance-driven flows on the type of excitation provides some evidence for the occurrence of wave-based interactions being cumulatively responsible for the manifestation of flow. The dependence of the flow rate on frequency can be observed in figure 8 . Wave interference also offers some explanation as to why there was consistently a flow reversal. The presence of the elastic section implied that there was at least some phase delay between the pressure and velocity waves produced with each excitation. The flow reversals as well as the flow peaks most likely correspond to frequencies where the phase delay between the reflecting waves and the source waves was the least and most optimal, respectively. The vast frequency range for which flow occurs allows for the selection of completely different, application-specific flow regimes with a single pump.
Functionality in the open loop configuration is also significant. In essence, the inertia of the returning flow is not required to maintain pressure or flow. Instead, solely the presence of an impedance mismatch and asymmetric excitation are required to generate a pressure gradient at certain frequencies. The flow rates in either case differ by two orders of magnitude. As reported above, the micro impedance pump in the closed loop flow configuration has attained flow rates of up to 16 ml min −1 , whereas in the open loop configuration under similar parameters maximum flow rates have consistently been much lower (∼191 µl min −1 ). In contrast to other mechanisms of pumping, the increased system impedance in the closed loop configuration may actually benefit the impedance pump's performance.
Conclusion
Impedance-based pumping has been shown to be a viable method for moving and controlling fluids on the microscale. High-frequency electromagnetic actuation has revealed multiple regimes of performance which can be controlled as well as reversed by simply varying the frequency of excitation. Flow rates of 16 ml min In the micro open loop trials, flow rates as high as 17 µl min −1 have been achieved. The performance of the micro impedance pump has been observed to be dependent on a variety of parameters, namely the duty cycle, frequency and amplitude of excitation as well as the fluid-mechanical properties of the system. Adjusting one parameter, such as the frequency, over a very small range enables the device to produce a broad range of output flows. The micro impedance pump is relatively easy to construct and does not require any complex fabrication methods to build and operate. We expect that the micro impedance pump will prove to be highly resistant to clogging due in part to the pulsatile nature of the flow as well as the lack of diffusers and valves. The presence of flow in the absence of complete closure of tube, in both the open loop and closed loop configurations, may prove to be beneficial for the handling of sensitive biofluids. In addition to its substrate-free construction, the absence of complex parts and inner geometries makes the impedance pump well suited for integration into cost-focused, spacelimited applications including drug delivery, cell sorting, chemical analysis as well as act to complement current stenting and shunting techniques. Micro impedance-based pumping presents an exciting new method of controlling fluids on the microscale. Although it is conceptually simple, significant future work is necessary to be able to further understand and predict the complex dynamics of impedance-driven flows.
